Retinal prostheses are a promising means for restoring sight to patients blinded by the gradual atrophy of photoreceptors due to retinal degeneration. They are designed to reintroduce information into the visual system by electrically stimulating surviving neurons in the retina. This review outlines the concepts and technologies behind two major approaches to retinal prosthetics: epiretinal and subretinal. We describe how the visual system responds to electrical stimulation. We highlight major differences between direct encoding of the retinal output with epiretinal stimulation, and network-mediated response with subretinal stimulation. We summarize results of pre-clinical evaluation of prosthetic visual functions in-and ex vivo, as well as the outcomes of current clinical trials of various retinal implants. We also briefly review alternative, non-electronic, approaches to restoration of sight to the blind, and conclude by suggesting some perspectives for future advancement in the field.
Introduction
Retinal degenerative diseases resulting in the progressive loss of photoreceptors are among the leading causes of incurable blindness today [1] . Retinal prostheses are designed to reintroduce visual information into the neural system by stimulating the surviving retinal neurons electrically. Several such systems are already in clinical trials, and more advanced technologies are being developed. This review summarizes various approaches to retinal implants, and discusses the challenges and perspectives associated with electronic restoration of sight.
Extracellular electrical stimulation as an input into the nervous system
Neural activity can be affected by modulating the membrane potential of neurons using electric currents, which can be delivered intra-or extra-cellularly. Intra-cellular electrical stimulation is relatively well understood and widely used in laboratory settings for characterizing the electrical properties of cells. The two classical models for intracellular stimulation, described by the Weiss and Lapicque equations, are computationally simple and supported by a wealth of experimental measurements [2, 3] (see section 3.2). However, direct access to the cell cytoplasm is difficult and very invasive, which makes it impractical for chronic use. Developing approaches for less invasive integration of nanoelectrodes with cells remains an active topic of research [4] .
So far, all electro-neural interfaces used for therapeutic and diagnostic applications have relied on extracellular access to the cells for both stimulation and recording. Although theoretical models for extracellular stimulation are much more complex than those for intracellular stimulation, and mechanisms of neural network activation less understood, there is ample experimental evidence for efficacy of extracellular electrical stimulation. In the central nervous system, devices that make use of it range from deep-brain stimulators for alleviating symptoms associated with Parkinson's disease, dystonia and others [5] to sensory prostheses such as cochlear [6] or retinal implants [7] . There are also multiple interfaces for the peripheral nervous system, including sacral nerve stimulation for bladder control [8] , lacrimal gland stimulation for secretion of tears in dry eye disease [9] , and many others.
Extracellular stimulation works by polarizing cells in a gradient of potential created by electric currents in the extracellular medium. The highly conductive cell cytoplasm, surrounded by a poorly conducting membrane, rapidly becomes equipotential. This results in a decrease in trans-membrane potential (also called a depolarization) in some regions, while other regions are concurrently hyperpolarized. Spatial distribution of the hyperpolarized or depolarized areas depends strongly on location and orientation of the cell relative to the stimulating electrodes and their geometry [10, 11] . The effect of such changes in trans-membrane potential on neural activity further depends on the distribution of the voltage-sensitive ion channels over the cell membrane and on their kinetics [12] . Therefore, pulse polarity, amplitude and duration need to be chosen with care to achieve the desired effects, as well as the placement, size and shape of the stimulating electrodes. These considerations are discussed in section 3.2.
Cochlear implants: an exemplary success of neuroprosthetic sensory restoration
Successful restoration of hearing to the deaf with cochlear implants is the most striking example of the potential of prosthetic sensory rehabilitation. The rigorous, principled and well-developed approach to sensory restoration undergone by cochlear implants can serve as an example for retinal prostheses.
The structure of the inner ear is such that different frequencies of sound waves cause sensory neurons, known as hair cells, to vibrate in different regions of the cochlea. While high frequencies are detected at the base of the cochlea, lower frequencies elicit responses deeper in the cochlea. Hair cells then transmit information about the spectral composition of the sound waves via the spiral ganglion cells and the auditory nerve to the auditory cortex.
Patients with severe damage to their hair cells are profoundly deaf, but the next layer of neurons in their auditory system-the spiral ganglion cells making up the auditory nerve fibers-usually remains intact, just as the inner and ganglion cell layers of the retina remain relatively intact in retinal degenerations (see section 1.4.2) . Electrical stimulation of the spiral ganglion cells by electrodes distributed along the cochlea can elicit percepts of sounds, and cochlear implants function well enough to enable speech recognition [6] . They are widely used to alleviate auditory loss in adults and children alike, with more than 320,000 total implantations world-wide as of December 2012.
A modern cochlear prosthesis consists of the following modules: one or several external microphones pick up sounds from the environment and relay them to a speech processor, which usually prioritizes audible speech in the signal, and filters out other components. The speech processor then passes on the signals by electromagnetic induction to an implanted receiver and stimulator, which drives electrical impulses in an array of electrodes. The intra-cochlear array consists of 12-20 electrodes distributed along a thin cable that follows the shape of the patient's cochlea.
Despite a massive reduction in the number of channels transmitting auditory information: no more than 20 electrodes for 30,000 axons in the auditory nerve, the success of cochlear implants has been astounding, and it can be linked to two key elements. First, the electrode arrays deliver stimuli matched to the natural encoding scheme of the auditory system, as they are designed to independently stimulate different areas of the cochlea that encode different spectral components of the sound waves. Second, pre-processing modules simplify the incoming auditory signals, which can thus be better encoded with just a few electrodes in a diseased cochlea. For example, pre-processing has enabled patients to recognize speech. We expect that such design decisions will be even more important with retinal prostheses, since the interface is two dimensional and intra-retinal signal processing is more complex.
Visual processing in the retina
The success of cochlear implants has inspired scientists and clinicians to try restoring vision in blind patients by electrical stimulation of the neurons that relay visual signals to the brain. Vision begins with the projection of spatio-temporal patterns of incident light by the cornea and lens onto a thin layer of tissue lining the back of the eye, called the retina (figures 1(a) and (b)). This light-sensitive extension of the central nervous system consists of three neural layers: the photoreceptor layer, the inner nuclear layer and the ganglion cell layer.
Photoreceptors are graded-response neurons (i.e. they do not generate action potentials) that transduce photons into changes in their membrane potential by means of light-sensitive proteins called opsins. The vertebrate retina is inverted, so that photoreceptors are located at the back of the eye in contact with the retinal pigment epithelium (RPE), which is essential to the health and function of the photoreceptors. RPE cells regenerate photopigments and digest outer segments shed by the photoreceptors. Without support from the RPE, photoreceptor cells progressively atrophy and die.
The human retina contains about 120 million photoreceptors. Cones dominate the central regions of the visual field and are responsible for day vision. Rods dominate the periphery and mediate night vision. Primates and humans have three distinct cone subtypes in their eyes, called S, M and L (for short, medium and long wavelength) cones [13] . S cones are mostly sensitive to the blue component of the visible light spectrum. M and L cones have significant spectral sensitivity overlap, with M cones exhibiting peak sensitivity in the middle of the visible light spectrum, and L towards the longer end of the spectrum [13] .
Photoreceptors relay visual information to the neurons in the inner nuclear layer of the retina, where 2 types of horizontal cells, about 12 types of bipolar cells, and as many as 30 types of amacrine cells [14, 15] process the visual signals.
Retinal interneurons are primarily non-spiking, even though some amacrine cells can produce action potentials [16] . Retinal interneurons pass on visual information to over 30 distinct classes of retinal ganglion cells (RGCs) [17] that generate action potentials relayed to the brain by their axons, which constitute the optic nerve ( figure 1(c) ). There are approximately 1 million RGC axons in the human optic nerve [18] .
RGCs encode visual information over a spatially limited region called their receptive field, which consists of a central area called the center, and a surrounding ring called the surround. Retinal ganglion cells that respond to increments of light over the center of their receptive field are called ON ganglion cells, while the ones that respond to light decrements over the center are called OFF ganglion cells. The surround is antagonistic to the center, which means that ON-center ganglion cells have OFF surrounds, and vice versa. Ganglion cells can also have spectral opponency properties, such as the blue-ON center, yellow-OFF surround small bistratified cells [19] . In the primate retina, midget ganglion cells have been hypothesized to be responsible for high acuity vision, and the parasol ganglion cells project to areas of the brain thought to encode motion [20] [21] [22] . In other species, such as the rabbit, rat or mouse, directionselective ganglion cells respond to visual motion in a preferred direction [23, 24] , and object-motion sensitive cells are able to segregate motion of objects from that of a background [25] . Bipolar cells relay visual information from the photoreceptors making up the center of the receptive field to the ganglion cell. Horizontal cells are involved in contrast adaptation, and mediate part of the antagonistic center-surround effect. Amacrine cells are also involved in center-surround effects by providing lateral inhibition in the retinal network. Starburst amacrine cells are at the heart of the motion direction-selectivity tuning [26] . The role of many other amacrine cell types in shaping complex retinal computations is still under debate in the visual neuroscience community.
Blindness and its effects on the visual system
1.4.1. The main causes of blindness. The leading cause of incurable blindness in the developed world today is a broad category of diseases known as retinal degenerations [1, 27] . In these conditions, the photoreceptors progressively die, eventually leading to loss of sight. However, neurons in the inner nuclear and ganglion cell layer survive to a large extent (see section 1.4.2) and can be stimulated electrically, making them good targets for retinal prostheses.
Age-related macular degeneration (AMD) primarily affects older patients: onset of the disease typically takes place after 60 years of age. As AMD progresses, the retinal pigment epithelium cells deteriorate, forming cellular debris called drusen between the pigment epithelium and Bruch's membrane, which separates the RPE from the choroid. Drusen are thought to impede the transport of nutrients from the choroid, and tend to grow over time.
Eventually, in the dry form of AMD, RPE cells in the center of the visual field can begin to atrophy, which leads to the death of the photoreceptors above them. This condition is called geographic atrophy, and it results in the formation of a central blind spot, called a scotoma.
Alternatively, new blood vessels may start growing from the choroid into the retina, which degrades central vision. This process is called neovascularization, also known as wet AMD. Anti-angiogenic drugs can block the signaling pathway of the vascular endothelial growth factor (VEGF) and thereby prevent neovascularization. These anti-VEGF molecules, injected directly into the vitreous humor of the eye, have a rather short lifetime in the body (weeks), and need to be delivered on a monthly basis to prevent growth of new blood vessels.
Both forms of AMD affect photoreceptors in the central area of the visual field, called the macula, and leave peripheral vision relatively intact. People suffering from AMD have difficulties with tasks requiring high visual acuity, such as reading or face recognition, but their remaining peripheral vision usually enables good ambulation without walking canes or guide dogs.
Retinitis pigmentosa is a broad class of genetic disorders which typically affects patients in their twenties or thirties, with an incidence rate of approximately 1 : 4000 [1] . This inherited disease typically begins with a loss of rod photoreceptors in the periphery, and eventually leads to a loss of the remaining cone photoreceptors in the center. As the disease progresses, patients start suffering from tunnel vision, with some bare light perception in the periphery, and central light sensitivity can eventually disappear as well.
The majority of retinitis pigmentosa patients retain some degree of sight [28] , and since the spatial resolution provided by retinal prostheses has so far been extremely low, only profoundly blind patients (characterized by bare light sensitivity and below) can be considered candidates for implants today. Retinitis pigmentosa is a prime candidate for gene therapy, and several clinical trials are in progress. However, due to the large variability in genetic defects that can lead to this condition, it is unlikely that one single cure for all its forms will be found.
Blindness and visual acuity. Both retinitis pigmentosa and age-related macular degeneration are characterized by a significant loss in visual acuity-one of the most important characteristics of visual function, which quantifies spatial resolution. Typically, it is measured by assessing the patient's ability to discriminate between objects on standardized charts. In the United States, visual acuity is most commonly measured in units of 20/x. LogMAR (for LOGarithm of the Minimum Angle of Resolution), another unit for visual acuity, is defined as the negative decadic logarithm of the fractional visual acuity, so that the logMAR acuity is ( / ) ( / ) − = x x log 20 log 20 . 20/20 is considered normal visual acuity, and corresponds to the ability to resolve lines 1.75 mm apart from a distance of 20 feet. This object size corresponds to a visual angle of 1 min of arc, or 5 micrometers on the retina. Having a visual acuity of 20/x then means that one sees from 20 feet away an object equally well as a person with normal visual acuity would x feet away. A visual acuity of 20/10 is therefore twice better than normal, and a visual acuity of 20/40 twice worse than normal. People with a visual acuity of less than 20/200 are considered legally blind in the United States, while the World Health Organization sets the limit at 20/400. In countries that use the metric system, the distance is expressed in meters, and since 20 feet is about 6 meters, the units of visual acuity are 6/x.
Visual acuity is a perceptual notion, and reporting it in units of 20/x implies perceptual equivalence between what two subject see. However, since the percepts elicited by visual prostheses are inherently very different from natural vision, it would be misleading to imply such equivalence. Therefore, it is important to keep in mind that even though spatial resolution of prosthetic vision is assessed in these units, these numbers reflect only spatial frequencies resolvable by the implanted patient, and not many other aspects of visual function.
Field of view. Importantly, the definition of legal blindness in the United States includes not only visual acuity below 20/200, but also a visual field below 20 degrees in the better seeing eye. To restore functional vision, retinal implants should therefore aim at providing a sufficiently large field of view for comfortable orientation and ambulation, ideally exceeding 20 degrees.
Effects of retinal degeneration on the retinal network.
While retinal degenerations leave the inner nuclear layer and ganglion cells relatively intact for extended periods of time [29] , significant changes in retinal organization can take place at the end phases of the disease, when the vast majority of the photoreceptors are lost [30] [31] [32] (see figure 2(c)). These changes are broadly called retinal remodeling. During this process, amacrine and bipolar cells can migrate either to the distal retina or to the ganglion cell layer. While all neurons appear to retain their normal basic molecular signatures, new synaptic connections are abundant. In the final stages of retinal remodeling, neuronal death can significantly deplete the inner nuclear and ganglion cell layers, with glial cells partially filling the space left by deceased neurons [30, 31] . These changes are likely to significantly impact retinal signal processing and neural activity, and therefore will influence our ability to encode visual information with a prosthetic interface.
AMD patients are less likely to suffer from extensive remodeling than retinitis pigmentosa patients since (1) the onset of the disease is much later in life, and (2) the peripheral retina is preserved, which could help maintain more normal neural activity in the center via lateral connectivity in the retinal network.
There are multiple models of retinal degeneration in rodents (mice and rats), pigs, and cats [30] . Various deficiencies in the RPE and photoreceptors in these animal models result in different time courses of degeneration and in varying extent of cellular preservation. Animal models of retinal degeneration used for research in retinal prosthetics are discussed in section 3.1.
Approaches to retinal prosthetics

Placement of the stimulating electrodes
Depending on their location in the patient's eye, retinal implants fall into one of three categories: epiretinal, subretinal or suprachoroidal.
In the epiretinal approach, prostheses target primarily the retinal ganglion cells, using electrodes placed on top of the inner limiting membrane (figure 2) [33, 34] . RGCs respond to sub-ms stimuli by generating an action potential within about a millisecond. Multiple stimuli can be used to generate bursts of spikes, encoding visual information. Epiretinal implants can activate RGCs at frequencies exceeding 100 Hz, and they typically encode stronger percepts using higher frequency stimulation (see section 3.4.1). Epiretinal devices usually bypass the inner nuclear layer of the retina, and can therefore elicit retinal response as long as RGCs survive. They can be implanted with relative ease, and can also be easily explanted in case of post-surgical complications, or of failure of the device.
In the subretinal approach, arrays of electrodes located between the inner nuclear layer and the pigment epithelium replace the degenerated photoreceptor layer and target primarily the surviving bipolar cells (figure 2) [7, 35] . Subretinal implants deliver visual information to non-spiking inner retinal neurons, and stronger stimuli are encoded with larger amplitude or longer duration pulses (see section 3.4.2), rather than higher frequency pulse trains used for direct encoding in the RGCs. Signals are converted into action potential trains in the ganglion cells via synaptic connections in the retinal neural network. Implanting a subretinal device is more difficult than implanting an epiretinal device: the surgical procedure involves the creation of a local retinal detachment and a small retinal or trans-scleral incision, through which the device is placed into the subretinal space, after which the retina is reattached. Excessively traumatic implantations can lead to fibrosis and scaring. In the case of wired subretinal implants, large areas of the retina need to be detached during implantation, which is a significant challenge with fragile diseased retinas. Explanting a subretinal device is also significantly more difficult than epiretinal, although it has been done with the Alpha IMS implant (section 4.3). Explantability of photovoltaic subretinal devices (section 2.2.3) remains to be demonstrated.
In a third approach, called suprachoroidal, the implant is placed between the choroid and the sclera (figure 2). While it has been suggested that this approach is surgically less risky than both epi-and subretinal prostheses [36, 37] , the large distance between stimulating electrodes and retinal neurons greatly restricts attainable spatial resolution. Therefore, such implants are placed in the periphery of the visual field, and are designed to help with low-resolution peripheral vision, primarily for ambulation.
Changes in the retinal network that take place during retinal degeneration (section 3.1) are likely to significantly impact retinal signal processing and neural activity, and therefore will influence our ability to encode visual information with any prosthetic interface. Subretinal prostheses are part icularly vulnerable in this regard, since they rely on connections between the inner retinal neurons and the ganglion cells. For epiretinal prostheses, the abnormally high spontaneous firing rate of ganglion cells frequently observed in animal models of retinal degeneration also represents a problem, since it will likely impede the ability of the implant to encode a desired sequence of spikes.
Delivery of information and power to the implant
Transfer of information and power to the implant is a challenging engineering problem, since direct connection of an implant to external electronics via a transcutaneous wire is prone to infections and severe scarring [38] . Therefore, in modern implants, it is done wirelessly, using one of the following techniques: (1) delivery of power and serial telemetry of the data through inductive coils, (2) optical transmission of the data with power delivery through inductive coils, or (3) optical delivery of data and power to the implant.
Serial telemetry of the data.
Inductive coils are widely used to transmit power and data to medical devices, such as for example cochlear implants and retinal prostheses. In such systems, an AC current driven through an external transmitting coil induces an AC current in the implanted receiving coil, which is converted into DC current in the implant. The transmitting and receiving coils are typically weakly coupled [39] , with the coupling coefficient k in the range 0.08-0.24, much lower than in normal transformers, where ∼ k 0.9. A capacitor in series with the receiving coil creates a tuned resonance at the transmitter frequency f, and the resulting circuit amplifies the received voltage by a quality factor Q, typically in the range 10-100. Quality factor increases with frequency, however RF absorption in tissue increases exponentially beyond a few MHz [40] , limiting the range of useful frequencies to below a few MHz.
Unfortunately, while a high Q coil is efficient for receiving power, it is a rather poor data receiver, which makes it challenging to use a single coil for both data and power. According to the Shannon-Hartley theorem [41] , the data capacity C of a coil can be expressed as:
where C is in bits s −1 and f / Q is the bandwidth of the circuit, inversely proportional to the quality factor. SNR in this equation is the signal-to-noise ratio of the transmitted signal.
For this reason, one coil is often used for power and another for data [39] , with data transmitted at a higher frequency and with a lower quality factor coil. Efforts have been put towards developing single receiving coil systems with high Q, that can also efficiently deliver data, and one such system achieved transmission rates above 1 MB s −1 [42] . In terms of data bandwidth requirements, the maximum number of pixels N that can be driven at a refresh rate R with S stimulation (gray) levels is:
so that a data rate of 1 MB s −1 can support × = 64 64 4096 pixels with a refresh rate of 60 Hz and 16 grey levels in the image.
Visual information transmitted from the camera to the implant via serial telemetry does not depend on eye movements, which creates two problems. (1) The brain expects images to shift on the retina during eye movements. In particular, stationary objects should translate with the changing direction of gaze. Since the stimulation patterns in such implants do not shift with the eye movement, the brain interprets this as motion. Similar effects have been reported with cortical visual prostheses [43] . To avoid this phenomenon, patients are asked to keep their direction of gaze steady. (2) Instead of using natural eye scanning, patients are required to scan the visual field with their heads-a very unnatural paradigm. These limitations could be alleviated by incorporating an eye tracker in the system, which would shift the image delivered to the implant according to the direction of gaze.
It is difficult to scale coil-based designs to thousands of electrodes for two reasons: (1) doing so requires a very wide data bandwidth, (2) wiring of thousands of electrodes makes the cable quite rigid and the feed-through rather bulky. Multiplexing the signals on the array itself would reduce the required number of wires, but it adds electronics to the retinal array itself, which affects its weight and flexibility.
A number of retinal implants make use of coils for data and power transmission. The Argus II epiretinal prosthesis (Second Sight Medical Systems, Sylmar, CA, USA) uses such a coil-based design, and it has been approved by the FDA as a Humanitarian Use Device (see section 4.2). The Boston Retinal Implant [44] and the EPIRET3 implants [45] also use serial telemetry to deliver power and data to the implant.
Powered implants with integrated cameras.
A few designs have been proposed that deliver only power through inductive coupling, and transmit visual information through the natural optics of the eye [7, 46] . The best known of these systems is the Alpha IMS implant, developed by Retina Implant AG (Reutlingen, Germany) (see section 4.3). Their subretinal implant is a camera with an active circuitry and stimulating electrode in each pixel that converts incident images into electrical stimulation patterns on the electrode array. The Alpha IMS implant was designed to operate under typical daylight illumination conditions. It includes a subdermal power receiving coil placed behind the ear, similarly to cochlear implants. Power is then routed to the subretinal implant via a trans-scleral cable.
Implants with integrated cameras very efficiently receive visual information, and they naturally couple eye movement to the stimulation pattern on the implant. However, the cable connecting the retinal implant to the extraocular power supply makes the implantation procedure difficult, long, and prone to complication. In the case of the Alpha IMS implant, developing a flexible and robust trans-scleral cable and feed-through that withstands the effects of eye movements over the long term remains a challenging engineering problem.
Photovoltaic systems.
The third category of retinal implants receives both data and power by light, via the natural optics of the eyes [47, 48] . These implants directly convert incident light into electric current to stimulate the nearby neurons (figure 3).
Using an array of photodiodes as a subretinal implant was first proposed in the 90s [50] . In that design, the photovoltaic pixels consisted of single photodiodes, and the implant was expected to convert ambient illumination into stimulating cur rents. However, ambient light on the retina is much too dim for photovoltaic stimulation [51] . In addition, photovoltaic conversion of continuous illumination cannot provide charge-balanced current pulses, which are required to avoid hydrolysis and electrode erosion.
A revised concept of a photovoltaic subretinal implant powered by intense pulsed light projected from video goggles was proposed in 2005 [51] , first implemented in 2007 [46] , and has been actively developed since then [47, 49] . Intense illumination can be provided by a near-the-eye display [52] , similar to conventional video goggles, apart from its significantly higher irradiance. A pocket computer provides a convenient means of processing images prior to displaying them onto the implant (figure 4). In order to avoid photophobic and phototoxic effects of bright illumination, photodiode-based systems can use near-infrared (850-915 nm) wavelengths, which is invisible to the remaining photoreceptors.
The photocurrents created by the implant increase linearly with light intensity, until saturation is reached at a level defined by the ratio of the maximum photovoltaic voltage to the tissue impedance. Adding photodiodes in series helps increase this maximum voltage, but pixels then require more light since incident light is divided between the photodiodes in each pixel. Two diodes per pixel was found to be the optimal configuration for subretinal stimulation [53] .
Instead of crystalline silicon, photovoltaic elements based on light-sensitive polymer films have also been proposed [48] .
An attractive feature of photovoltaic systems is that they do not require any wires [47, 49] . Therefore, an implant can consist of a large number of independent modules that tile the visual field. These modules can be inserted into the subretinal space via a small incision and follow the curvature of the eye, making the surgery minimally-traumatic [54] .
Safety considerations
2.3.1. Implant encapsulation. Exposure of an implant to body fluids can lead to its erosion and eventual failure. Implants can also trigger strong tissue reaction if they are not properly encapsulated in biocompatible materials. This may lead to formation of a glial or fibrotic seal around the implant, which will increase both the distance between electrodes and target neurons and impedance of the stimulating electrodes [55] . For these reasons, electronics in the majority of neural implants are enclosed in metallic or ceramic containers, with feed-through connectors to the power source and electrode array. The resulting implant is hermetically isolated from corrosive body fluids, stable, but bulky. Surgical procedures then involve placing different modules (coil, power and data-processing electronics as well as the electrode array) and routing interconnecting cables in the patient [7, 34] (see section 4).
While crystalline silicon implants are well tolerated over the short term [56, 57] , detectable degradation occurs over a year. Such implants require a stable and biocompatible layer to provide protection against water and ion ingress.
Dielectric materials deposited by low-pressure chemical vapor deposition at high temperatures (800-900 °C) have exhibited good stability in vivo [58, 59] , however the deposition temperatures are incompatible with integrated circuits manufacturing processes. Polymers such as Parylene are used in the medical industry for encapsulation of neural implants [60, 61] , but Parylene absorbs water and develops cracks [62] , and therefore cannot be used for encapsulation of unprotected integrated electronic circuits. Atomic layer deposited Al 2 O 3 is conformal and hermetic, and as such can provide decent encapsulation. However, it slowly dissolves in water [63] . Diamond-based coatings [64] [65] [66] and amorphous Silicon Carbide [67] deposited at low temperatures are being explored as other possible encapsulating materials for neural implants. Recent studies have provided promising results regarding biocompatibility of diamond interfaces [68] . It remains to be seen, however, whether the limited charge injection capability of these interfaces is sufficient for safe and efficient retinal stimulation. Plasma-enhanced chemical vapor deposited amorphous silicon carbide (SiC) is a promising material for encapsulating neural implants, as SiC films do not dissolve in accelerated aging tests. Care should be taken with SiC films deposited over steps and rough surfaces, as defect density then increases significantly. A combination of thermal Silicon Oxide coated with SiC could provide adequate protection of retinal implants [69] .
Thermal limits.
For both RF-and optically-powered implants, tissue heating resulting from absorption of electromagnetic radiation and energy dissipation in the implanted electronics must be kept within acceptable safety limits. ISO norm 14708-1 article 17.2 specifies that temperature rise in chronic operation should not exceed 2 °C, since this is within the natural range of body temperature variation.
The heating induced by the implant is governed by the following equation [70] , which can be solved numerically using finite element models:
where ρ and c p are the density and heat capacity of the medium, k is the thermal conductivity, Q is the volumetric heat source term, A p is the local blood perfusion rate, ρ b and c b are the density and heat capacity of the blood, and T 0 is the arterial temperature, often assumed to be the same as the baseline body temperature, 37 °C.
For optical implants, the use of bright illumination is a safety concern. Visible and near-infrared (below ∼900 nm) light is absorbed primarily by pigmented tissues, such as the retinal pigment epithelium, with a practically negligible absorption (<0.06 cm −1 ) in transparent ocular layers such as the cornea, lens, and neural retina. Ocular safety standards [71] provide some guidelines as to the maximum permissible radiant power Φ MP that may be chronically delivered to the retina:
where
700 in the 700-1050 nm range, with Λ = 2.5 at λ = 905 nm. Θ depends on the angular spread of the incident beam, and for retinal spot sizes greater than 1.7 mm in diameter is 29.3 W mm −2 . P is the pupil factor which models pupil constriction or dilation, and is exactly 1 for infrared wavelengths in the absence of dilating drugs. For a 905 nm wavelength, the average irradiance limit is therefore 5.2 mW mm −2 . It is important to emphasize that temperature increases with increasing spot size, which this standard does not take into account.
For single-pulse exposure, the peak irradiance limit in the 0.05-70 ms duration range is described by [71] : . For example, the peak irradiance limits are 285, 202 and 160 mW mm −2 for 1, 4 and 10 ms pulses, respectively. Detailed studies of retinal heating with and without silicon implants under various illumination conditions have shown that under typical use conditions, the temperature increase associated with activation of a subretinal photovoltaic implant is not expected to exceed 0.5 °C, well within the safety limits for chronic use [72] .
Electroporation.
Electrical stimulation of neural tissue has the potential to cause irreversible cellular damage [73] . One process by which damage occurs is called electroporation. Strong electric fields can produce sufficiently high trans-membrane voltage to make penetration of water into hydrophobic lipid bilayers energetically favorable, which leads to formation of nanometer-scale pores in the lipid bilayer [74] . The damage threshold current density j scales reciprocal to the square root of the pulse duration t ( ∼ − j t 0.5 ) [75] . A comparison of experimental stimulation thresholds [77] and electroporation thresholds measured on chick chorioallantoic membrane as well as in porcine and chick retina [75] is shown on figure 5 for biphasic charge-balanced pulses. Stimulation thresholds are approximately two orders of magnitude below the electroporation thresholds, leaving a wide window for safe stimulation of the retina.
Electrochemical limits.
In addition to hyperthermia and electroporation, cellular damage can also be caused by the leaching of toxic electrode materials into the medium, or by local changes in pH. Neural stimulation electrodes have been extensively studied in recent years, and a large body of literature is available on the topic [78] [79] [80] .
Electrochemical safety limits vary with electrode material and with mechanisms of charge injection, which are either capacitive or faradaic [80] . For both mechanisms, stimulation pulses need to be charge-balanced and within safe limits of the electrode potential to avoid irreversible oxidation or reduction of the electrode material as well as other irreversible electrochemical reactions. A comprehensive list of possible irreversible or harmful reactions that may take place during electrical stimulation is available in references [78, 79] . Briefly, the most common harmful processes include electrolysis of water, with consequent gas formation and changes in pH, and metal dissolution due to the formation of soluble metal complexes (especially with Pt electrodes) [80] .
Capacitive electrodes are usually porous to provide a large surface area, and/or employ high dielectric constant mat erials, such as Titanium Nitride [81] . Faradaic charge-injection materials rely on reversible oxidation and reduction reactions to inject current. These electrodes typically provide higher charge injection than capacitive interfaces, but care should be taken in selection of the stimulation waveforms to avoid irreversible processes. The most common materials for such electrodes include Platinum and Platinum Iridium alloys, as well as activated and sputtered Iridium oxide films. Table 1 summarizes the charge injection limits of various electrode materials used in retinal prosthetics. Charge injection limits typically increase with pulse duration, especially for porous materials (not shown in table 1).
Pre-clinical evaluation of prosthetic vision
Animal models for visual prosthetics
Retinal stimulation and characteristics of prosthetic vision have been studied both ex vivo and in vivo, in animals with normal vision and in models of retinal degeneration. The following section discusses the trade-offs associated with different animal models used for this purpose.
Use and limitations of the healthy retina.
Animal models ranging from salamander to primates, including rodent, rabbit, cat, dog, minipig and other species, have been used in visual neuroscience to study how visual information is processed in the retina [25, [82] [83] [84] [85] . Using healthy retina therefore makes it possible to leverage a significant body of literature about retinal responses to visual stimuli. However, it also comes with significant drawbacks, especially when studying a subretinal implant. The healthy retina has lower subretinal stimulation thresholds than degenerate tissue [47] . When working with healthy retina ex vivo, the stimulating electrodes are separated from the bipolar cells by a 70 μm-thick layer of photoreceptors, which is likely to increase stimulation thresholds for activation of the inner nuclear layer and reduce spatial resolution, compared to degenerate retina lacking photoreceptors [47] . In addition, electrical stimulation of the photoreceptors complicates the analysis of retinal response, as difficult pharmacological manipulations with neurotransmitter blockers are required to separate the contributions of the photoreceptors from those of the inner nuclear layer.
Some drawbacks associated with the use of healthy retinal tissue are also present in the case of epiretinal stimulation. Ganglion cells in degenerate retinas can respond to direct electrical stimulation despite severe degeneration of the photoreceptors [86] [87] [88] [89] . However, stimulation thresholds increase in certain sub-populations of retinal ganglion cells [90] , while for other sub-populations they do not change. Spontaneous RGC firing patterns change significantly with degeneration [91] [92] [93] . Hyperactivity has been reported in many rodent animal models of retinal degeneration, including asynchronous rhythmic activation of RGCs at 7-10 Hz frequencies in the rd1 mouse retina [93] . In the rd10 mouse, RGC types with normal electrical stimulation thresholds exhibit periodic bursting [90] . Therefore, while the healthy retina is perhaps the most convenient model for comparison of natural and prosthetic retinal responses, it remains a poor proxy to degenerate tissue.
Rodent animal models of retinal degeneration.
Researchers have developed a number of animal models of retinal degeneration to study degradation of sight associated with retinal degeneration, and restoration of vision [30] . Retinal degeneration can naturally occur in a number of species, for example mice, rats and dogs. In addition, various transgenic mice, rats and pigs, as well as knock-out mice, are also commonly used to study visual impairment. Out of these, rodent animal models are generally the most cost-effective means of carrying out animal studies.
The relevance of rodent animal models for studying visual function is under debate. For example, humans and macaques share many features in their visual systems, such as foveated trichromatic vision, well-segregated parallel pathways in the visual thalamus, ocular dominance and orientation columns in the visual cortex [94] . Rodents do not exhibit such similarity with the human visual system, but they do have an oculomotor reflex, and are capable of complex visual tasks, such as orientation discrimination [95] , and invariant object recognition [96] .
A well-established rat model of retinal degeneration is the Royal College of Surgeon (RCS) rat [97] . In these animals, a mutation in the receptor tyrosine kinase gene, Mertk, causes failure of the retinal pigment epithelial (RPE) cells to phagocytose shed photoreceptor outer segments [98] , which leads to a build-up of cellular debris in the subretinal space. This, in turn, causes the progressive death of photoreceptors over a few months. By the age of 90 days (p90), the vast majority of photoreceptor outer segments are gone, and only some photoreceptor nuclei remain. By p400, photoreceptor nuclei completely disappear, while the inner nuclear layer and the ganglion cell layer remain well preserved. RCS animals are born normally-sighted, and they develop a normal visual cortex. This, combined with the relatively rapid progression of retinal degeneration-on the order of 3 months-makes them an attractive animal model for both in vivo and ex vivo studies of restoration of sight [99] .
P23h and s344-ter rats are alternative rat models of retinal degenerations. In the P23h rat, both cones and rods degenerate as a result of a mutation in a rod-specific protein [100] . It takes about 300 days post-natal for scotopic (rod-dominated) vision to disappear in P23h rats, and photopic (cone-dominated) vision remains present past 450 days. The slow onset of degeneration in these animals makes it difficult to obtain tissue completely devoid of photoreceptors, making them less practical for prosthetic studies.
There are over fifteen mouse models of retinal degeneration [101] , with the rate of photoreceptors loss ranging from a few days (rd1) to several months (rd8 or rd9 mice). Various models of retinal degeneration exhibit different functional properties as the disease advances, and it is unclear which of them correspond to human conditions. For example, in the rd1 mouse, both ON and OFF RGCs exhibit hyperactivity, while in the P23h rat, only OFF cells become hyperactive in the disease. A potential drawback of mice for retinal prosthetic studies is their small eye, which makes in vivo studies very difficult.
Other models of retinal degeneration.
A convenient alternative to genetic models of blindness is to cause a chronic detachment of the photoreceptors from the pigment epithelium, and thereby trigger local retinal degeneration. This can be done, for example, by chronically introducing a subretinal implant in healthy animals [49, 56, 99, 102] , resulting in the degeneration of photoreceptors above the implant in a few weeks (figure 6).
Alternatively, retinal photocoagulation with a scanning laser can create a local model of retinal degeneration. Ablation of the retinal pigment epithelium (RPE) combined with direct thermal damage to photoreceptors leads to local retinal atrophy in the damaged regions, which can be several millimeters in width [102] , while preserving the INL and ganglion cell layers. Selective ablation of only the RPE cells using microsecond pulses is insufficient to trigger local degeneration, since RPE cells from adjacent healthy areas rapidly migrate into the damage zone [102] .
Both methods allow creating local retinal degeneration in otherwise healthy animals, and could be useful for studying the interactions between prosthetic and normal vision, as would be the case in AMD patients [103] .
Electrical stimulation of the different retinal layers
3.2.1. Intracellular stimulation Intracellular activation of neurons today lacks clinical applications, as it requires chronic access to the interior of a cell. Nonetheless, since it is well described by a few equations, it can provide a good intuition regarding the mechanisms behind electrical stimulation. The following section therefore introduces two simple models for intracellular activation of a neuron.
In a resting state, the intracellular potential of a neuron is maintained by a number of mechanisms at approximately −70 mV compared to the extracellular medium. A positive inflow of ions through sodium and leakage channels is compensated by an outflow of ions through potassium channels, and ion pumps balance ionic diffusion by actively moving ions across the cell membrane. Intracellular stimulation operates by injecting a current I S into the target cell, for example by means of a fine-tip pipette. Modeling the neuron as a RC circuit, where the capacitor represents the capacitance of the cell membrane C and the resistor limits the current of the active ion pumps which maintain the cell membrane potential ( figure 7(a) ) leads to the following set of equations, which describes the electrical behavior of the cell: 
From these equations we can derive the minimum current I th to be injected into the cell over a duration τ to bring the membrane potential to a value V th : 
known as the Lapicque equation, after the French scientist who first carried out this derivation [104] .
If V Th is the threshold change in the membrane potential that elicits an action potential, this relationship, commonly known as the strength-duration relationship, defines the minimum current to be injected into a cell over a duration τ to elicit an action potential.
Modeling the ion channels as a voltage-independent current-source I pump , as shown in figure 7 (b) can be described by the following equation: Lapicque model [2, 3] . More accurate descriptions of cellular activation need to take into account the voltage-dependent conductivity and dynamics of the ion channels, which can be described by the Hodkin-Huxley equations ( [106] , chapter 4).
Extracellular stimulation and the effect of pulse duration.
Extracellular electrical stimulation is the mechanism by which all clinical neural implants operate today. It works by polarizing cells in an electric field, instead of directly injecting current into the cell. The cell membrane is highly resistive, while its cytoplasm is very conductive. Therefore, when an electric field is applied across a cell in the extracellular medium, charges redistribute along the cell membrane and the cytoplasm rapidly becomes equipotential (within tens of ns). As a result, the trans-membrane potential increases (i.e. the membrane becomes hyperpolarized) on the side of the cell facing the anode, and decreases (the membrane becomes depolarized) on the opposite side.
Changes in the trans-membrane voltage affect conductivity of the trans-membrane voltage-sensitive ion channels, which typically leads to an increased influx of cations (Sodium in ganglion cells, Calcium in bipolar cells) on the depolarized side of the membrane, resulting in cellular depolarization as a whole. This, in turn, leads to further opening of the sodium channels, which accelerates the charge intake. When the membrane potential exceeds a certain threshold, an action potential occurs in spiking neurons. Within about a ms, the action potential ends when the sodium channels are inactivated (closed) and the slower potassium channels open up, leading to an outflux of K + ions, which lowers the membrane potential back to its resting value. Ion pumps then restore normal ion concentrations within a few ms ( [106] , chapter 4).
Extracellular electrical stimulation only depolarizes the cathode-facing section of the cell membrane. Therefore, it can only recruit a small fraction of all the ion channels present on the cell membrane to elicit an action potential, and requires stronger stimuli to elicit responses than what uniform depolarization of the whole cell membrane would require. Typically, at least a few tens of mV must be applied across a cell soma to elicit a response, while a few mV can suffice for intracellular stimulation [12] .
If an action potential occurs during the stimulation pulse, the threshold current does not depend on pulse duration. This regime of stimulation is called the rheobase (see figures 8(a) and (b) for examples). When the stimulus ends before the action potential is generated, the influx of sodium ions during the stimulus may still be sufficient to put the neuron on the path to generating an action potential. For this, the sodium influx during the stimulus should exceed the stimulation threshold. The shorter the pulse, the stronger the stimulus needs to be in order to open enough ion channels and allow sufficient charge influx to exceed the stimulation threshold. This mechanism defines the rising part of the strength-duration dependence of the stimulation threshold [12] with decreasing pulse duration. The kinetics of different ion channels can vary significantly, and therefore the strength-duration dependence of the stimulation threshold varies for different cell types [12] .
For intracellular stimulation, the stimulation threshold can be approximated as the charge required to depolarize the cell by a certain voltage, and therefore the threshold current scales reciprocal to pulse duration in this regime. In extracellular stimulation, however, dynamics of the charge influx are more complex, and the strength-duration curve deviates from such a simple shape [12] . For round cell somas, polarization is driven by the electric field across the cell. In cell axons, it is instead driven by the derivative of the electric field along the axon ([106], chapter 21) .
The strength-duration relationship is usually characterized by a time constant (the chronaxie) and its asymptotic value (the rheobase), which are obtained by fitting power functions or exponentials to the data. The chronaxie, a classical measure of responsiveness of a neuron, is defined as the duration at which the threshold current is twice the amplitude of the rheobase. Typically, the chronaxie in ganglion cells is shorter than in bipolar cells ( figure 8 ), which provides an opportunity for selective stimulation of various cell types, as described in the next section.
Role of electrode placement and pulse polarity.
Since the distribution of ion channels over neurons is rarely isotropic, orientation of the electric field significantly affects the stimulation threshold. It is lower when the side of the cell with the highest concentration of the responding ion channels (Na for ganglion cells, Ca for bipolar) is depolarized. Therefore, placement of the stimulating electrode (epiretinal or subretinal) as well as pulse polarity (anodic or cathodic) affects the stimulation thresholds.
Dependence of the stimulation threshold on pulse polarity has been confirmed many times experimentally. For epiretinal stimulation of RGCs, cathodic-first pulses have a lower stimulation threshold [11, 77, 107] due to the higher concentration of Na channels over the region of RGCs facing the inner limiting membrane, near the axonal hillock [107] . For subretinal stimulation of RGCs, anodic-first pulses have lower stimulation thresholds for the same reason [108] . Similarly, for subretinal stimulation of the inner nuclear layer, anodic pulses have a lower threshold [11, 109] because bipolar cells have a higher concentration of Ca ion channels towards the epiretinal side. Stimulation thresholds can be 2 to 7.5 times lower with anodic-first pulses than with the opposite polarity [11, 108] . For small electrodes, proximity to the target neuron is another factor that significantly affects the stimulation thresholds, since in this case the electric field rapidly decreases with distance. A combination of good electrode placement and proper choice of the stimulation pulse parameters can help achieve selective activation of the various retinal layers [11] .
Generally, RGC responses to electrical stimulation can be classified into three categories, depending on their origin. Short Latency (<2 ms) RGC responses correspond to action potentials elicited directly in the ganglion cells. Medium Latency responses (typically on the order of 3-50 ms) are mediated by stimulation of the inner nuclear layer. Electrical stimulation of the photoreceptors accounts for long latency responses (figure 8) (>50 ms). Selectivity of stimulation quantifies the ability to activate one layer of cells without affecting the others, and is defined as the inverse ratio of the stimulation threshold of the layer of interest versus that of other layers.
Epiretinal prostheses aim at eliciting RGC responses through direct stimulation, so selectivity for this approach is the threshold for medium latency action potentials divided by the threshold for short latency action potentials. Measurements of the strength-duration relationships of direct and networkmediated responses [11] (figure 8) demonstrated that short (<1 ms) cathodic-first pulses coming from an epiretinal electrode with a distant return electrode provide a selectivity of 3 at best.
For subretinal prostheses, selectivity is the ratio of short latency action potential thresholds over medium latency action potential threshold, as subretinal implants generally target cells in the inner nuclear layer. Long (>4 ms) anodic-first pulses in the outer plexiform layer (i.e. in a subretinal position) provide the best selectivity, exceeding 6 for 20 ms pulses [11] delivered through an electrode with a distant return.
Relative positioning of the active and return electrodes in the implant affects the cross-talk between neighboring pixels, and thereby can also affect selectivity, contrast and attainable resolution [46, 51, 110] . Many implants operate with a common remote return electrode, in the so-called monopolar configuration. Cross-talk between neighboring pixels becomes more pronounced with a higher number of simultaneously activated pixels. To circumvent this limitation, arrays in which each stimulating electrode is surrounded by a local return electrode have been developed [46, 47] . A drawback of using local return electrodes is that they decrease the penetration depth of the electric field, compared to a monopolar configuration with the same pixel size, which imposes more stringent limits on the proximity between the stimulating electrodes and target cells. This has led to the development of 3 dimensional implants described in the following section.
3 dimensional interfaces.
The unexpected discovery that retinal tissue robustly migrates into voids in the subretinal space, even through small apertures, suggested the possibility of improving the contact between stimulating electrodes and target cells by making subretinal implants three dimensional, as opposed to planar implants [51] .
Structures with chambers and pillars were found to induce retinal migration, with voids in the subretinal space being filled within days after implantation [55] . Cells in the inner nuclear layer easily migrate through apertures larger than 10 μm, while only cell processes migrate through smaller apertures. Similarly, cells migrate into the space between pillars (figure 9). With 10 μm-diameter pillars and 40 μm center-to-center spacing, both cells of the inner nuclear layer and a substantial number of Müller cells fill the space between pillars. With 20 μm spacing between pillars, the space is filled mostly with Müller cell processes [55] . In general, pillar implants appear to maintain a more natural topology of the various retinal layers than implants with chambers, although it is unclear if this has implications for retinal prostheses or not.
Three dimensional interfaces are associated with two significant drawbacks: (1) fabrication is more difficult, and (2) integration of the retina into three dimensional structures precludes their explantation. Innovative microfabrication processes are being developed to circumvent the first limitation [111] , but no data on active 3 dimensional implants has been published to date.
Retinal response to stimulation ex vivo
Epiretinal and subretinal implants share the common goal of encoding visual information in a degenerate retina. However, they rely on activation of two different neural layers to elicit visual percepts. While the epiretinal approach focuses on stimulating the ganglion cells, the subretinal approach aims at eliciting activity in the inner nuclear layer. As such, retinal response to epiretinal and subretinal stimulation differs greatly, and the encoding strategies for both types of implants should vary accordingly.
Epiretinal stimulation.
Retinal ganglion cells are spiking neurons that encode visual information in the form of trains of action potentials. Therefore, epiretinal implants try to directly elicit trains of action potentials in the RGCs, with each stimulation pulse encoding a single spike. Responses of RGCs to direct activation with electrodes of various sizes have been studied extensively [59, 87, 112, 113] . Typically, RGCs respond to direct activation with a single action potential elicited within 3 ms of the stimulation pulse, and latency of the response decreases with increasing stimulus strength [11] . The good temporal precision of direct RGC activation makes it possible to envision multiplexed activation strategies, where only a few electrodes are activated at the same time. Multiplexed activation reduces cross-talk between neighboring electrodes, and might be beneficial for achieving higher spatial confinement of electric fields [110] .
The probability of eliciting an action potential in a RGC increases with stimulus amplitude following a sigmoid function [114, 115] , and stimulation thresholds in the literature usually correspond to a 50% probability of eliciting a response, although sometimes a 90% probability definition is used as well. As described in section 3.2, the amount of current required to elicit an action potential depends strongly on pulse width. A survey of available stimulation threshold data indicates that typically, charge density thresholds are in the range 0.1-1 mC cm −2 with stimulation pulses not exceeding 1 ms [113] . In some RGC subtypes, stimulation thresholds for direct activation can increase with retinal degeneration. RGC types for which stimulation thresholds do not change with degeneration exhibit abnormal spontaneous oscillations [90] .
Studies with rabbit retina demonstrated that the region of minimum threshold for direct activation corresponds to the area of high-density sodium channels at the beginning of an axon in RGCs [115] . This is consistent with theoretical models of extracellular electrical stimulation, which predict that the intake of sodium on the depolarized side of the membrane is responsible for triggering the action potential.
RGCs can generally respond to stimulation pulses at frequencies of at least 100 Hz [113] , which makes it possible to produce naturalistic trains of action potentials with electrical stimulation [116] . The maximum frequency at which RGCs can follow stimulation pulse trains depends on the cell type. For example, in the rabbit retina, brisk-transient cells can follow pulse trains at rates as high as 600 Hz for a full second, while local edge detectors and ON-OFF direction selective cells fail to follow pulse trains at 200 Hz for a 1 s-long stimulus [117] . In comparison, the amplitude of RGC responses to network-mediated stimulation decreases dramatically with increasing pulse frequency, and RGCs barely respond to individual stimuli above 10 Hz (see section 3.4.2).
Consequently, epiretinal implants that aim at restoring the natural visual code in each retinal ganglion cell [107, 116] should be able to activate individual RGCs without affecting the surrounding cells. Different ganglion cell types were found to have somewhat different activation thresholds in the rabbit retina [115] , likely due to differences in sodium-channel bands and other anatomical or physiological properties. More complex shaping of the stimulation pulses might further improve stimulus selectivity to a given cell type.
Selective activation of single RGCs has also been attempted by shaping of the electric field with dense arrays of microelectrodes. Encouraging results have been reported in the peripheral primate retina, where half of the somas of midget cells, which are thought to subtend high-acuity vision, could be activated without affecting surrounding parasol and small bistratified cell somas [114] . It is not known, however, whether these pulses also affected the ∼15 RGC types of the primate retina other than midget, parasol and SBCs in this study. It also remains unclear how well spatial activation strategies will work for the more central areas, where retinal ganglion cells stack up on top of one another, instead of forming a monolayer of cells, like in the periphery. A major issue with epiretinal activation of RGCs is axonal stimulation [118] . Axons from distant cells are located in the nerve fiber layer, between the stimulating electrodes and the ganglion cells. Axonal and somatic stimulation thresholds are similar to somatic [119] , and therefore epiretinal implants often activate not only the target RGCs, but also the axons of distant RGCs which pass close to the stimulating electrode, resulting in arcuate visual percepts. This effect, and the associated distortion of the retinotopic map, remains a major hurdle that epiretinal implants will need to overcome in order to provide meaningful visual percepts to blind patients.
A promising approach for circumventing the problem of axonal stimulation is based on the application of long stimulation pulses to activate the inner nuclear layer rather than the ganglion cells [118] . Doing so significantly improves the localization of phosphenes in patients, however, the limitations associated with network-mediated stimulation (see sections 3.3.2 and 3.4.2) are likely to apply with this scheme.
Subretinal stimulation.
Subretinal implants aim at eliciting activity in the retinal ganglion cells by stimulating neurons in the inner nuclear layer. The hope is to leverage some of the signal-processing properties of the retinal network, and thereby creating action potential patterns in the RGCs that resemble those arising under normal physiological conditions. Network-mediated retinal stimulation can retain some features of natural retinal signal processing, such as flicker fusion, adaptation to static images and non-linear summation of subunits in RGC receptive fields, as described in section 3.4. However, indiscriminate concurrent activation of different cell types in the inner retina, most evidently the ON and OFF pathways, precludes accurate reproduction of the natural retinal code with subretinal implants.
A few nC of charge injection from subretinal electrodes are required to activate the inner nuclear layer using anodic-first pulses [108] . For a photovoltaic prosthesis, this translates into light intensity thresholds on the order of 1 mW mm −2 [47, 99, 109] . Thresholds depend on pixel size and on configuration of the return electrodes. For subretinal pixels of 70 μm in width (with 18 μm electrodes), the lowest stimulation thresholds reported to date have been ± 0.33 0.05 mW mm −2 with 10 ms pulses, well below optical safety limits (see section 2.3.2).
The mechanisms mediating retinal response to subretinal stimulation are not as well understood as those for direct activation of RGCs. It has been hypothesized that activation of the bipolar cells is responsible for the bursts of action potentials that arise from network-mediated electrical activation [120] , with a wide range of latencies and number of action potentials elicited per stimulation pulse [11, 77, 121] . The number of elicited spikes increases with stronger and longer stimuli [47, 122] , which makes it possible to encode the strength of the retinal response by controlling pulse ampl itude and duration (figure 10). Such dependence is consistent with increased activation of the excitatory bipolar cells in the retina using stronger stimuli. However, since the inner nuclear layer also contains amacrine cells, inhibitory pathways are also likely activated by subretinal stimulation.
As with natural vision, retinal response to network-mediated stimulation greatly diminishes with increasing activation frequency, dropping close to zero (<10%) at 20 Hz ex vivo [49, 123] and at about 40 Hz in vivo [49, 99] (figures 11(a) and (b)). Healthy retinas respond faster to subretinal stimulation than degenerate ones [109] . This decrease in amplitude of the retinal response has been described both as 'desensitization' [120] of the retina, as well as more recently 'adaptation' to constant stimulation [49] . With natural vision, adaptation to high frequency stimulation is responsible for a continuous perception under stroboscopic illumination, such as CRT or DMD displays.
Adaptation to repeated electrical stimulation [49, 120] has been observed in both ON and OFF RGCs. Its extent varies greatly between cells, but it is still unknown whether various cell types have different characteristic patterns of adaptation to repeated electrical stimulation. While for some cells responses to individual pulses are gone at frequencies as low as 4 Hz, other do not adapt even at 40 Hz. The mechanisms causing adaptation to electrical stimulation are poorly understood. Pharmacological studies have showed that adaptation to repeated stimulation remains in the absence of inhibitory input from amacrine cells [120] , which indicates at a mech anism independent of the amacrine pathway. Repeated subretinal stimulation also does not significantly affect the thresholds for direct RGC activation [120] , which indicates that adaptation occurs prior to the action potential generation mechanism in RGCs.
Unlike natural responses to pulsed light, subretinal electrical stimulation of a retina devoid of photoreceptors elicits only ON responses [124] . The lack of OFF responses is most likely due to indiscriminate concurrent depolarization of ON and OFF bipolar cells at the onset of stimulation pulses. The trains of action potentials elicited in a population of RGCs by a subretinal implant are therefore very different from natural vision, and proper interpretation of these signals as meaningful visual percepts relies on brain plasticity and learning of this new 'prosthetic retinal language'.
Characterization of prosthetic visual functions
Vision is commonly quantified by resolution, contrast sensitivity and dynamic range, and these properties have been studied extensively with retinal implants [49, 119, 124] . Another important feature is the perception of motion, which is thought to be transmitted by the parasol retinal ganglion cells in the primate visual system [22, 125] . Accuracy of representation of motion signals with retinal prostheses has, so far, only been explored with epiretinal implants, for which promising results were reported with the elicitation of naturalistic motion stimuli in the peripheral primate retina [116] , even though this study did not address the possibility of unwanted axon activation.
One way to characterize prosthetic visual function is through ex vivo studies using multielectrode array recording techniques [47, 49, 114, 116, 124] . In those, a piece of retina is excised and pressed against recording electrodes. For the study of epiretinal stimulation, these electrodes can also deliver current pulses. For subretinal studies, an array of stimulating electrodes is put in contact with the photoreceptor side of the retina.
For in vivo characterization, studies begin with implantation of the prosthesis in an adequate animal model. For example, a subretinal photovoltaic prosthesis can be implanted in a rat [99] . Surgery begins with a trans-scleral incision, followed by the creation of a retinal detachment using saline solution [49, 99] . The implant is then slid into the opening, which is subsequently sutured. Integration of the device into the subretinal space can be evaluated by optical coherence tomography (OCT) and fluorescein angiography ( figure 12 ).
For evaluation of prosthetic vision in vivo, cortical signals called Visually Evoked Potentials can be measured via chronically implanted trans-cranial electrodes placed over the visual cortex [126] ( figure 12 ). In addition, corneal measurements of the waveforms produced by the implant can help evaluate charge injection by individual pixels, and follow them over the lifetime of the animal [109] .
Resolution.
One of the most important characteristics of vision in general, and in prosthetic restoration of sight in particular, is visual acuity. Since epiretinal and subretinal implants target different layers of the retina, the means by which resolution of epiretinal and subretinal implants are assessed ex vivo also vary.
Assessing resolution with an epiretinal implant ex vivo Epiretinal stimulation directly activates RGCs, and spatial resolution in this approach is linked to the number of ganglion cells an epiretinal implant can address independently. To restore normal visual acuity, it would likely need to address independently all of the patient's OFF midget RGCs in the central areas of the retina, as this cell type is thought to mediate high-acuity vision in primates [127] . Addressing RGCs independently of their neighbors offers the opportunity of encoding visual information specific to the cell type, such as motion signals in peripheral parasol RGCs, for example [116] .
The best ex vivo results reported to date in the primate retina correspond to selective activation of approximately half of the OFF midgets over a 1 mm 2 area, without interactions with neighboring parasol or midget cells [114] , using a 60 μm pitch epiretinal array. The experiment was conducted at eccentricities 35°-75°, where visual acuity is on the order of 20/400. Other RGC types were ignored in this study, and further work should evaluate how they respond to electrical stimulation.
RGCs are traditionally classified functionally on the basis of their light response properties [83] . This method cannot work in a degenerate retina that has lost its photoreceptors. Instead, cell classification methods based on electrical signatures of the RGCs, called their electrophysiological images [128] , have been proposed [129] , and enable cell classification without any light response properties (figure 13). These methods have yet to be demonstrated in a degenerate retina.
Assessing resolution with a subretinal implant Subretinal stimulation elicits RGC responses indirectly, via activation of the neurons in the inner nuclear layer. Consequently, the responses elicited in RGCs are shaped by the synaptic connections in the receptive field of the various ganglion cells.
Anatomical studies have shown that the receptive fields of midget cells in the primate fovea are relatively straightforward: a single photoreceptor connects to a single bipolar cell, which in turn connects to a single retinal ganglion cell [130] . Therefore the sampling density of the photoreceptors mosaic limits visual acuity in the fovea [127] . To restore normal visual acuity, one would need to stimulate individual bipolar cells in the fovea independently, much like an epiretinal implant would need to address individual ganglion cells. As functional recording of the primate fovea have yet to be achieved, pre-clinical studies of subretinal prostheses are conducted on RGCs that have more complex receptive fields, and for which the mechanisms that lead to high visual acuity are less well understood.
RGC receptive fields provide a description of the spatial extent of the visual field sampled by individual retinal ganglion cells. Measuring them with prosthetic stimulation in essence characterizes the combined point spread function of the implant and the retinal network [109, 131] . A recent study demonstrated that with a subretinal array with 70 μm-wide pixels, the electric receptive fields in the degenerate rat retina are comparable in size to the natural receptive fields in a healthy rat retina ( ± 203 63 μm versus ± 244 32 μm). The visual acuity of normally-sighted rats evaluated through behavioral measurements is approximately 1 cycle per degree [132] , which corresponds to a much higher spatial resolution (30 μm on the retina) than the average size of receptive fields reported in the literature [49] . A possible explanation for this discrepancy is that RGCs also respond to movements of fine structures over their receptive fields [133] [134] [135] thanks to nonlinear spatial integration of bipolar cell sub-units that connect to the same ganglion cell [136] [137] [138] [139] . The hallmark of nonlinear spatial integration in a receptive field is a frequency doubling in the RGC response to alternating gratings presented over the extent of the receptive field [140] . Linear summation of the bipolar cells output in the RGC should lead to a constant ganglion cell output as the contrast of a fine grating is alternated over the extent of the receptive field. However, a number of mechanisms can lead to nonlinear interactions between bipolar subunits [141] , which in turn causes modulation of the RGC output when a fine texture moves over its receptive field ( figure 14) . Extracting spatial location information from non-linear subunit interactions in the receptive fields of RGCs would require a population-level decoding of the retinal signal by the brain.
Such nonlinear interactions with a subretinal prosthesis have been measured using alternating gratings projected over a subretinal photovoltaic array with a pixel pitch of 65 μm [49] , and the results were compared to the response of the healthy retina to similar stimuli. The experiments were conducted with 20 Hz stimulus repetition rate and 1 Hz grating alternation. In healthy retina, very little, if any response to individual pulses of visible light were observed at 20 Hz, while RGCs responded strongly to the grating contrast reversal ( figures 11(c), 15) . Electrical stimulation resulted in a continuum of responses, ranging from a combination of very weak responses to individual pulses at 20 Hz and strong transient responses to the alternating grating, to more robust responses to every stimulation pulse. Neurons responded to electrical grating alternation with stripes down to 68 μm, and with visible light to 28 μm stripes ( figure 15 ). RGC responses to the alternation of gratings smaller than their receptive fields showed evidence of frequency doubling, which indicates nonlinear subunit interactions. It also demonstrates that electrical stimulation can be spatially localized to subunits of the RGC receptive fields, and the width of the subunits matches the pixel pitch.
Alternating gratings are also a well-established method for assessing visual acuity in animals and in human infants, which is carried out in practice by recording visually evoked potentials (VEPs). With normal vision, this method matches well the visual acuity measured in behavioral tests [142, 143] . For prosthetic vision in RCS rats implanted with photovoltaic arrays having 65 μm pixel pitch, the spatial resolution measured from visually evoked potentials was ± 64 11 μm per stripe, as compared to ± 27 9 μm per stripe in WT animals stimulated with visible light ( figure 15(c) ). These values correspond to 0.47 and 1.1 cycles per degree (cpd) respectively, in close agreement with the visual acuity of pigmented rats reported in the literature [132] . In a human eye, 65 μm pitch geometrically corresponds to a spatial resolution on the retina as expected with 20/250 visual acuity.
Dynamic range and contrast sensitivity.
If one could elicit naturalistic spike trains in all types of RGCs with epiretinal stimulation, it would be possible to encode the full dynamic range of natural vision. However, RGC hyperactivity in degenerate retina and the lack of selective activation of various types of RGCs currently preclude this possibility.
With low-frequency (2 Hz) activation of a subretinal implant, the number of elicited spikes in RGCs can be modulated by pulse width and amplitude [47] (figures 10 (a) and (b) ). Likewise, amplitude of the cortical signals can be modulated by stimulus width and amplitude, over approximately an order of magnitude [99, 109] (figures 10 (c) and (d) ). With high-frequency flickerfused stimulation, the full-field contrast sensitivity of prosthetic vision is 10 times lower, and the dynamic range is two times below that of natural vision [109, 124] . To elicit robust responses in the RGCs or in the cortex, a photovoltaic subretinal prosthesis requires positive contrast steps larger than 50% in Michelson units, compared to only a few percent required with normal vision. In addition, negative contrast steps do not elicit responses in degenerate retina with prosthetic stimulation ( figure 16 ).
The implications of reduced contrast sensitivity on efficiency of delivery of visual information have only recently begun to be explored [124] . During visual fixation on a static scene, the retina locally adapts to the average luminance over the course of a few hundred milliseconds [144] . RGCs then respond to local changes in contrast triggered by a range of ocular movements, such as microsaccades, drift and ocular tremor. Recent studies [145] have shown that the statistical properties of fixational eye movements (FEMs) are well tuned to the statistics of natural scenes, and perform whitening of spatial frequencies below 30 cycles per degree-the resolution limit of a typical human eye. Contrast sensitivities of RGCs are, in turn, well adapted to the resulting spatio-temporal patterns of light on the retina, producing robust RGC responses. The significantly lowered contrast sensitivity of prosthetic vision is likely to disrupt these finely tuned fixational mechanisms, as recent models have suggested [124] . These findings could explain the fading effects reported by patients with subretinal implants (see section 4.3), when fixating visual scenes. Empirically, these patients prefer low stimulation frequencies, in which high temporal contrast would compensate for the lack of contrast sensitivity of prosthetic vision. Image processing involving contrast enhancement and image sparsity might improve their performance.
Clinical results
The ultimate assessment of prosthetic vision is conducted by careful psychophysical evaluation of the visual percepts elicited in patients. A number of groups have reached this stage, thereby providing invaluable evidence that implants can elicit meaningful percepts in patients suffering from severe retinal degenerations. In this section, we review the current status and results of the clinical studies of various prosthetic devices.
Standards for evaluating the performance of a retinal implant
The FDA has issued non-binding recommendations on how to perform assessment of visual function in their investigational device exemption (IDE) guidance for retinal prostheses [146] . A set of low vision tests called FLORA (functional low-vision observer rated assessment) was also recently introduced through the trial conducted by Second Sight Medical Implants (Sylmar, CA) of their Argus II retinal prosthesis [147] . The tests suggested by the FDA include the following: (1) low vision letter acuity with limited response time; (2) grating acuity using a forced-choice paradigm and fixed presentation time; (3) mapping of stimulated visual phosphene fields, including two-point discrimination tests; (4) assessment of form vision and functional vision in real-world situations, including orientation and mobility.
Other clinical trials [35, 37] have reported on static light perception, and often describe the perceived brightness, shape and color of those phosphenes. In addition to measurements of grating visual acuity, some patients could distinguish Landolt C-rings and read letters. Temporal characteristics of prosthetic vision and detection of motion are also frequently assessed.
The Argus II epiretinal implant
The only retinal prosthesis currently approved for commercial use by the FDA (as a humanitarian use device) is the Argus II epiretinal prosthetic system (Second Sight Medical Products, Sylmar, California, USA). It consists of a head-mounted unit, which includes a camera and an RF antenna that transmits the processed data to the intraocular implant by serial telemetry (figure 17). The inductively-delivered signals are decoded and processed inside the implant, before being distributed over 60 stimulating electrodes via a trans-scleral cable [148] .
The array of stimulating electrodes is attached to the epiretinal surface with a trans-retinal tack [34] . The Argus II has now been implanted in over 100 patients, with a best reported grating visual acuity of 20/1260 [147, 149] . A number of serious adverse events (SAEs) affecting approximately 30% of the patients were reported over the course of the clinical trial [34] , the majority (82%) of which occurred within the first 6 months. Conjunctival erosion and dehiscence over the extraocular implant were the most common occurrences [34, 149] . No device failures were reported within 3 years after implantation [147] . One year post-implantation, 20% of patients reported a neutral and 80% a positive outcome, while 3 years post-implantation, 35% of patients were neutral and the remainder remained positive about implantation. No negative opinion of the implant was reported.
All subjects in the Argus II clinical trial were able to perceive light with the implant turned on, and almost all but one subjects performed better at square localization with the implant than without it. Only 57% of subjects performing better at detecting the direction of motion with the system ON than OFF. The clinical trial also reported improved orientation and mobility with the system, but other studies have reported the opposite, with a statistically significantly worsened performance at spatial orientation tasks with the implant turned on [150] . One reason the Argus II implant could degrade spatial orientation could be the fact that the visual percepts it delivers are unrelated to direction of gaze. If it were indeed the reason, the addition of eye tracking and the corresp onding image translation in the system would alleviate this limitation. Alternatively, it could be that the low-resolution visual percepts interfere with patient's natural orientation habits, including sounds and touch.
A significant limitation of the Argus II implant is the stimulation of axons passing between the stimulating electrodes and the ganglion cells. As a result, percepts have arcuate instead of punctate shapes [119, 151] , which severely distorts retinotopic mapping of the visual field. The most promising solution to this problem currently is based on application of longer pulses (20 ms sinusoids instead of the typical 0.5 ms) to stimulate bipolar rather than ganglion cells, thereby invoking network-mediated retinal responses without axonal activation [118] .
The Alpha IMS subretinal implant
The subretinal approach has been spearheaded in Germany by Retina Implant AG (Reutlingen, Germany) with their Alpha-IMS system [7, 35, 152] , which received CE marking in 2013. In this device, a subretinal camera (a CMOS chip consisting of photodiodes and amplifiers) can transduce images naturally projected onto the retina with ambient illumination into electrical currents that stimulate neurons in the inner nuclear layer ( figure 18) .
The implant consists of 1500 × 72 72 μm 2 pixels made up of a × 30 15 μm 2 photodiode and a × 50 50 μm 2 Titanium Nitride electrode. The return electrode is common to all the pixels in the implant, and is located far from the stimulating electrodes. Power is delivered to the implant via a cable that runs underneath the retina through the sclera, and then under the skin, to a place behind the ear, where it is transferred inductively to the receiver with an RF transmitter (figure 18), like in cochlear implants.
Functional outcomes with foveal placement of the implant (eight patients) were significantly better than with parafoveal placement (12 patients) [152] . No patients with nonfoveal placement could distinguish direction of motion, while 75% of the patients with foveal placement managed to accomplish this task [35] . In another report including eight patients, all perceived light, 7/8 could localize the phosphenes and 5/8 perceived motion. One patient achieved a best Landolt C-ring visual acuity of approximately 50/550 [35] . The rest of the patients achieved equivalent visual acuities below 20/1000. Some patients managed to identify and count objects, and read large fonts (3/8) . Patients preferred stimulation frequencies ranging from 1 to 15 Hz. No quantitative evaluation of the impact of the Alpha IMS prosthesis on mobility has been reported to date.
A recent study reported that without stimulation, the eye movements of RP patients implanted with the Alpha IMS implant are large and scanning. With the implant ON, patients fixated well and direction of gaze corresponded to the stimulus location. They exhibited classic fixational eye movement patterns, including ocular tremor, drift and microsaccades. After stimuli disappeared, eye movements became large and scanning again [153] .
Other clinical systems
A suprachoroidal approach to restoration of sight has been pursued by Bionic Vision Australia (three patients) [37] , and Osaka University (2 patients) [154] . Phosphene perception remained over the 12 months Bionic Vision trial, but the equivalent visual acuity ranged from 20/4000 to 20/20000-well into the realm of ultra-low vision.
Clinical trials of the IRIS epiretinal implant have been conducted by IMI Intelligent Medical Implants AG. Since 2012, IMI operates as a subsidiary of Pixium Vision SA, which is continuing these trials. No reports on their functional outcomes have been made available to date.
Optobionics conducted a clinical trial of their Artificial Silicon Retina (ASR) implant, which was a passive subretinal array of photodiodes [50] . They reported improvements of central vision following implantation of the ASR in the periphery, possibly due to neurotrophic effects [155] . The company closed in 2007, and trials did not continue. The EPIRET3 system [45] was implanted in six patients for a period of 4 weeks and successfully elicited visual percepts; however, no longterm study of the implant has been conducted to date.
Other approaches to restoration of sight
Non-retinal electrical prostheses
Non-retinal electrical prosthetics may be used for treatment of the same diseases that retinal prostheses address, but also hold promise for conditions where ganglion cells are damaged, such as with glaucoma, or when the whole retina is missing, as in the case of trauma. In this section, we describe some approaches to non-retinal electrical restoration of sight.
Optic nerve stimulation.
Two approaches to visual prostheses targeting the optic nerve have been explored. In one system, 4 electrodes are placed in a cuff around the optic nerve, delivering 0.1 ms bi-phasic charge-balanced pulses at frequencies varying from 50 to 333 Hz [156] . These electrodes elicited clusters of phosphenes, ranging in size from 8 to 42 min of arc. Their position in the visual field was within ±30 degrees, and depended on which of the four electrodes was activated. Spatial localization of the phosphenes shifted with changes in the direction of gaze, as with the Argus II retinal prosthesis (see section 4.2). Development of this system has been abandoned, in part due to difficulties with encoding predictable visual patterns.
Another approach is based on an array of electrodes penetrating the optic nerve [157] . This approach offers a much larger number of electrodes, but it is much more invasive. With over 1 million axons tightly packed in the optic nerve, the major challenge of both approaches lies in achieving spatially selective stimulation. Stimulation of the optic nerve is unlikely to expand the range of clinical indications compared to retinal prostheses since if the ganglion cells are missing, their axons also degenerate.
Targeting the LGN.
Retinal ganglion cells project to the dorsal lateral geniculate nucleus (LGN), which has been suggested as a potential target for electrical stimulation [158] , especially for patients who lost their retinal ganglion cells due to glaucoma or ocular trauma. The relatively simple structure of the receptive fields in the LGN, compared to the visual cortex [159] , and the over-representation of the foveal and parafoveal areas that mediate high acuity vision, compared to the retina, potentially simplify targeting the areas that represent central vision. To some degree, the LGN also has macroscopic segregation between the parvocellular pathway, which is thought to encode fine visual information and the magnocellular pathway, which relays motion signals to the brain. Such segregation could simplify the encoding of prosthetic visual information.
Electrical stimulation of the LGN elicited localized visual percepts in alert monkeys [158] , which caused saccades to electrical targets comparable to normal visual saccades. However, this approach has not progressed very far, partially because of its very invasive nature.
Cortical visual prostheses.
The best-known cortical visual prosthesis was developed by William Dobelle and dates back to the 1970s, with a first implantation in a patient in 1978, although other researchers had previously experimented with electrical stimulation of the visual cortex [160] . Activation of an electrode in the visual cortex often results in perception of a single spot of light color (bluish or yellowish), and its position in the visual field depends on location of the electrode and on the direction of gaze. Sometimes electrodes can elicit more complex phosphenes, composed of several spots [160] , and even dark percepts. The Dobelle cortical implant failed to elicit useful visual percepts in patients and led to significant complications. In particular, electrical activation of the implant tended to be painful and sometimes triggered seizures [43] .
Research on cortical visual prostheses continues [161] , and Second Sight is adapting its retinal system to cortical implantation. However, this system is unlikely to provide high resolution vision in the near future due to the very low number of electrodes and our limited understanding of encoding of visual information in the brain.
Optical stimulation
Many optical approaches to restoration of sight are also being explored as an alternative to electrical stimulation.
Optogenetics.
Optogenetic approaches to restoration of sight are based on the transfection of neurons by a viral vector, which causes these cells to express a light-sensitive ion channel based on opsin molecule [162] . Cation channels, such as channelrhodopsin, and anion pumps, such as halorhodopsin, enable excitatory and inhibitory optical control of neural activity, respectively.
Several optogenetic approaches to restoration of sight have been tested, ranging from transfection of the ganglion cells [163] , to bipolar cells [164] and even to surviving photoreceptor somas whose outer segments have degenerated [165] . Optogenetic stimulation of the retina currently requires very intense visible light (blue to yellow)-well beyond the natural range of vision-which is likely to be painfully bright and might be cytotoxic for patients even with only a few remaining photoreceptors. Efforts to shift opsin spectral sensitivities to longer wavelengths have recently been met with some success with the discovery of the Chrimson family of molecules [166] . However, the peak spectral sensitivity for these molecules is at 590 nm, i.e. still in the visible range.
Sensitivity of optogenetic stimulation is limited by 3 factors: the number of ion channels expressed on the cell membrane, the absorption coefficient of the chromophore, and the opening time of the ion channel. The longer a channel stays open after absorbing a photon, the more ions will get into the cell, so the less intense light will be required for stimulation. However, encoding precise temporal patterns in ganglion cells requires millisecond precision, and therefore short molecule response times, which limits their sensitivity [166] . Targeting bipolar cells or photoreceptor somas does not require such precise timing, but with opening times exceeding 50 ms the retinal response would be significantly slower than with natural vision (below 20 Hz). The fastest optogenetic probe reported to date (called the 'Chronos' molecule) can drive spiking at up to 60 Hz. However, its requirement of very bright light with peak spectral sensitivity around 500 nm makes it unsuitable for restoration of sight to patients with any residual vision.
Currently, the minimum light intensity required to drive retinal responses is on the order of 0.05-0.15 mW mm −2 at the spectral peak of sensitivity of the opsin molecule [166] , which is above the natural range of retinal illumination (typically below 1 μW cm −2 ). Therefore, optogenetic approaches will likely require video goggles to intensify light and help process the images prior to their projection onto the retina [52, 167] . One way to improve sensitivity would be to amplify opsin-driven ionic currents using G proteins, as it happens in photoreceptors. Such a significant alteration of cellular function has not yet been achieved.
Photoswitches.
One major difficulty with clinical implementation of optogenetics is regulatory, since it requires permanent genetic modification of retinal neurons, with the inserted gene coming from a very remote organism-an algae. An alternative approach, which does not require gene therapy, is based on small light-sensitive molecules (so-called molecular switches) which bind to voltage-sensitive ion channels, thereby rendering them light sensitive [168, 169] . These molecules injected into the vitreous humor partially restored light sensitivity in mice model of retinitis pigmentosa. However, since lifetime of these molecules in the body is only a few days, they would require frequent injections or sustained release. Within the irradiance levels similar to bright ambient illumination (1μW mm −2 ), the kinetics of the retinal response to photoswitches are extremely slow (tens of seconds) [169] . They improve with more intense illumination, but acceptable response time is reached at irradiances of several mW mm −2 -three orders of magnitude above the upper end of natural illumination. The search for more sensitive photoswitches with absorption spectrums extending to longer wavelengths continues.
Mechanical stimulation
Neurons can be stimulated mechanically, and focused ultrasound is a potential noninvasive technology for interfacing with the nervous system. Spatial resolution is limited by the wavelength, which in turn, is limited by absorption and scattering in tissue. When focused into the brain through the highly scattering scull, frequencies below 1 MHz are preferred, making the focal spot size larger than 1 mm. Higher frequencies can be used for retinal stimulation: ultrasonic activation of the salamander retina has been demonstrated at 43 MHz, resulting in a focal spot of 90 μm in diameter [170] .
Sensory substitution
Several sensory substitution systems for the visually impaired exist today [171] . Tactile-visual sensory substitution, first proposed in 1969 [172] , included a two dimensional array of vibrating Teflon tips pressed against the back of the patient to form a pictorial display.
Another visual sensory substitution system converts images captured by a camera into electrical patterns on an array of microelectrodes placed on a tongue. The system, called BrainPort (Wicab, Inc, Madison, WI) includes × 21 21 electrode array, and after extensive training, patients can localize and recognize objects, and sometimes even read words [173] .
Visual information can also be converted into a sequence of sounds representing a raster scan of the image, with the local brightness encoded into the pitch and timbre as a function of lateral and vertical position in the image. Amplitude of the sound can be used to encode depth (axial distance from the patient). After training, patients can learn to localize objects and even demonstrate some object recognition capabilities [174, 175] .
Outlook
We conclude this review by suggesting some perspectives for future advancement in the field.
Improving proximity to the target neurons
Proximity between the implant and the target cells becomes a limiting factor when electrode size is comparable to the target cell size, or when separation between the active and return electrodes is similar to the distance to the target cells [47, 51] . Since neurons in the INL are typically separated from a subretinal implant by 5-35 μm [99] , it is difficult to foresee planar subretinal implants with local return electrodes and pixel pitch smaller than 35 μm elicit visual percepts at safe stimulation thresholds. To improve proximity between the stimulating electrodes and the target neurons, subretinal photodiode arrays could be integrated with pillar electrodes, which penetrate into the retina due to the migration of retinal tissue into the voids between pillars [46, 55] (see section 3.2.4). With close proximity, the electrode size is limited only by size of the cell soma, which is on the order of 10 μm. In addition to more selective stimulation and higher pixel density, improved proximity with 3 dimensional interfaces should reduce stimulation thresholds. However, 3 dimensional implants will be very difficult to explant, since the retina integrates into them, and careful biocompatibility and long-term stability studies will be required before they can be implanted in a patient.
Intracellular electrodes
Although pillar electrodes might help reduce pixel size, a paradigm shift might come with the use of intracellular microelectrodes. Hai et al demonstrated that electrodes can be internalized by neurons using their phagocytic response to subsellular-scale foreign bodies [176] . When cell engulfs a micrometer-sized electrode, rendering it membrane leaky at sharp edges, the electrode essentially becomes intracellular. Pt-tip electrodes with a hydrophobic band can also provide intracellular access to neurons [177] , which could reduce stimulation thresholds by 4 orders of magnitude, and enable neural control using a graded variation of the electrode potential. In addition to single cell resolution, such interfaces would allow not only depolarization, but also hyperpolarization of the target cell, which would enable both stimulation and inhibition in the neurons of interest. This would likely help improve both resolution and contrast sensitivity. While intracellular electrodes seem to be well-tolerated in-vitro over a few weeks [176] , this effect has not been demonstrated in vivo yet. It is unclear therefore what the long-term effects of intracellular access to a neuron are.
Image processing
Significant opportunities for improving the implant performance might come from more advanced image processing. Virtual and augmented reality devices are becoming commonplace, and computers are getting better at understanding the features of the visual world. Simplification of the visual scene prior its display on an implant may help better match its resolution and contrast sensitivity limits, and make visual percepts easier to understand. Several groups have already demonstrated promising results by segregating the visual content of a scene by distance, and displaying only the closer objects [178] , or by encoding depth instead of luminance information to facilitate navigation [179] .
Brain plasticity and the retinal code: how much fidelity do we need?
The need for complete and accurate restoration of the visual code is being actively debated. Proponents of subretinal implants argue that an implant providing high visual acuity and sufficient image contrast should be able to deliver meaningful visual percepts to patients, and they hope that the brain will be capable of learning a new prosthetic language, as long as the retinotopic map is preserved, contrast modulation is monotonic, and the signals are reproducible. Others, in favor of an epiretinal approach [116] , argue that optimal performance of an implant will be attained only after the natural visual code is restored in each and every ganglion cell type. This debate is likely to continue until each type of implant is tested in patients, and behavioral performance is carefully assessed.
